The objective of this theoretical study is to design an ultrasound (US) cylindrical phased array that can be used for hyperthermia (40)(41)(42)(43)(44) • C) treatment of tumours in the intact breast. Simultaneously, we characterize the influence of acoustic and thermal heterogeneities on the specific absorption rate (SAR) and temperature patterns to determine the necessity of using heterogeneous models for a US applicator design and treatment planning. Cylindrical configurations of monopole transducers are studied on their ability to generate interference patterns that can be steered electronically to the location of the target region. Hereto, design parameters such as frequency, number of transducers per ring, ring distance and number of rings are optimized to obtain a small primary focus, while suppressing secondary foci. The models account for local heterogeneities in both acoustic (wave velocity and absorption) and thermal (blood perfusion rate, heat capacity and conductivity) tissue properties. We used breast models with a central tumour (30 × 20 × 38 mm 3 ) and an artificial thorax tumour (sphere with a radius of 25 mm) to test the design. Simulations predict that a US cylindrical phased array, consisting of six rings with 32 transducers per ring, a radius of 75 mm and 66 mm distance between the first and sixth transducer ring, operating at a frequency of 100 kHz, can be used to obtain 44
Introduction
Hyperthermia (HT), an increase of the temperature towards 40-44
• C, is a powerful modality to improve the clinical outcome of radiotherapy (RT) and chemotherapy. Several randomized phase III trials have demonstrated this improvement for tumours at various treatment sites (Van der Zee et al 2000, Colombo et al 2003 , Jones et al 2006 . Vernon et al (1996) showed the benefit of HT for superficially localized breast cancer as well, i.e. the overall complete response rate in five phase III trials was 41% for RT alone and 59% for the combined treatment (RT+HT). Although the overall results of these studies were positive, the effect of HT was minimal for inoperable tumours in the intact breast. Vernon et al (1996) , Sherar et al (1997) indicate that this minimal effect was caused by insufficient heating at deep locations due to the various electromagnetic (EM) applicators, allowing frequency-dependent heating depths of maximum 4 cm (433 MHz), 2 cm (915 MHz) or 1 cm (2450 MHz), respectively. To the best of the authors knowledge, adequate heating equipment for HT at deeper located inoperable tumours in the intact breast is still not available.
Although only EM radiation is exploited in these clinical phase III trials, in theory, ultrasound (US) might be of interest for intact breasts, due to the corresponding larger penetration depths, better focusing possibilities and the absence of air cavities and bone to softtissue interfaces that hamper their use for other treatment sites. Magnetic resonance imaging (MRI) guidance (Hynynen and McDannold 2004 , Rivens et al 2007 , Ter Haar and Coussios 2007 is commonly used to monitor the thermal spot generated by US applicators. Another approach to control the US treatment is to use accurate treatment planning, i.e. the prediction of full-wave propagation, absorption and temperature distributions, while taking into account the effect of acoustic and thermal heterogeneities. However, full-wave treatment planning is still limited for the currently used US HT sources at 1-4 MHz, since enormous computational resources are required for using sufficiently small grid sizes relative to the wavelength. We believe however, that adequate treatment planning for lower frequencies is feasible, which might reduce the need for MRI guidance in HT treatments. Consequently, heating deeply located tumours might come within reach for more patients when using specifically designed US applicators operating at low frequencies.
For thermal ablation, a closely resembled treatment modality, the operating frequencies are usually above 1 MHz, since small (<1 mm) spot sizes are required to obtain steep temperature gradients between the tumour (up to 95
• C) and the surrounding normal tissues (<44
• C). Various focus scanning techniques (Hong et al 1996 , Malinen et al 2005 are used to cover the entire target volume and to avoid large heating times. For HT however, larger volumes are heated and smaller temperature gradients are required. Therefore, larger focus sizes and consequently lower frequencies (<100 kHz) might be suitable for reducing the need for scanning and computational resources needed for treatment planning.
We therefore conducted a theoretical study to design a low-frequency US phased array for HT treatment of tumours located anywhere in the intact breast. Simultaneously, we characterized the influence of acoustic and thermal heterogeneities on the specific absorption rate (SAR) and temperature patterns to determine the necessity of using heterogeneous models for the US applicator design and treatment planning. Figure 1 . Construction of the CT-based model, which is used in the phased-array design study. The white dotted rectangle indicates the part that is used in the computational domain.
Methods

Approach
To investigate the feasibility of applying HT at tumours located anywhere in the intact breast, we theoretically designed an appropriate phased array. We used transducers in a cylindrical configuration to obtain deep heating from the skin into the muscle layer of the chest wall. The breast is embedded in water which is used both as a coupling medium and to cool the skin. Selective tumour heating can be obtained by altering the phases of the radio frequency (RF) signals to generate adaptive interference patterns within the intact breast. We assumed a minimum required focus diameter of √ 30 ≈ 5 mm, since the smallest area of the various tumours in the five phase III trials discussed in Vernon et al (1996) was 30 mm 2 . Using smaller foci is unwanted, since this increases the need for scanning or defocusing techniques and results in higher frequencies with consequently larger computational domains. Larger tumours can be heated by using defocusing, waveform diversity (Guo and Li 2008) or dynamic steering techniques.
Although the design process is based on SAR patterns in a simple CT-based model only, we demonstrate the potential of the theoretical designed phased array by showing both SAR and temperature distributions for centrally and deeply located breast tumours in a realistic MRI-based model. To demonstrate that larger volumes can be heated as well, we calculated temperatures by using six foci that are located ±10 mm around the tumour centre point in the x-, y-and z-directions.
To investigate the influence of local inhomogeneities in acoustic properties we compare SAR with squared incident pressure fields |p inc | 2 , since these do not depend on the acoustic contrast (wave velocity and absorption). The influence of local inhomogeneities in thermal properties is investigated by comparing the temperature patterns with the SAR patterns.
Heterogeneous breast models
Two heterogeneous 3D models of the breast anatomy are constructed. A segmentation toolbox (iSeg, Schmid & Partner Engineering AG, Switzerland) is used to delineate the Hounsfield units (CT) or grey values (MRI) into various tissues with corresponding acoustic (Sohrab et al 2006) and thermal properties, which are listed in table 1.
The first model is used in the phased-array design study. It is based on a CT scan of a 28 year old female, see figure 1(a). In the tissue segmentation, visualized in figure 1(b), attention is given to the breast anatomy only, since the other anatomical parts are outside the computational domain. A rectangular volume is extracted from the 3D breast model Table 1 . Acoustic and thermal properties used in the computations. The absorption coefficient α 0 at f = 1 MHz is used to compute the absorption coefficient α according to (6), with n = 1 for all tissues and n = 2 for water. The thermal properties of blood are set to ρ b c b = 405 2910 (Jm −3 K −1 ), where ρ b is the blood volume density of mass and c b is the specific heat of blood. The thermal conductivity k t and blood perfusion rate ω b are used to compute the effective conductivity k eff according to (14) . and embedded centrally into the coupling medium (water) of the US phased array. The computational domain dimensions are 175 × 175 × 100 mm 3 and contains 64 × 64 × 32 equidistant voxels.
The second model is used in the characterization of SAR and temperature patterns for the designed phased array. It is constructed from a MRI scan of a 39 year old female, see figure 2 , with a centrally located breast tumour. The breasts are imaged in prone position, representing a realistic breast position and shape when inserted in the US cylinder. Note that a second MRI (not shown) with a contrast agent is used to image and segment the tumour. A brick-shaped muscle layer is placed on the top of the breast to mimic the presence of the chest wall, which was not imaged since it was located outside the MRI imaging coils. The computational domain dimensions are 160 × 160 × 160 mm 3 and contains 128 × 128 × 128 equidistant voxels, so the grid-step is 1.25 mm or 1/12 of the wavelength in water at the investigated maximum frequency of 100 kHz. In addition to the segmented 'central tumour', a deeply (4-9 cm from the skin) located 'thorax tumour' is mimicked by an artificial sphere.
Ultrasound phased-array design study
Design parameters such as frequency, number of transducers, ring distance and number of rings are optimized to obtain a primary focus with a diameter of approximately 5 mm, while suppressing secondary foci. The array radius (r = 75 mm) is chosen such that one intact breast fits in the cylinder, see figure 3 . Further, the transducers are positioned equidistantly in the xy-plane and multiple rings are placed on the top of each other in the z-direction. Design parameters are investigated successively in the order of expected decreasing influence on the focusing possibilities. Therefore the approach is to begin with minimizing the focus size and secondary foci in the xy-plane through the centre of the phased array, further referred to as steps 1 and 2. Hereafter, the focus size and secondary foci are suppressed in the xz-plane, further referred to as steps 3 and 4.
Both the focus size in the interference pattern and the absorption coefficient of tissues are linear dependent on the frequency. Hence, the optimum frequency is a compromise between focus size and penetration depth. Therefore, in step 1, the focus size and SAR distributions are studied for increasing frequency. In this first step approach, only the focus width of the 50% iso-SAR max contour (W 50%,SAR ) in the xy-plane is investigated, since the focus length (L 50%,SAR ) in z-direction is anticipated to be dominated by the number of rings and distance between the two most distant rings d out mainly. We assume that 64 transducers in one ring are sufficient to suppress secondary foci in the SAR pattern.
Using a large amount of electronically controlled transducers is cumbersome in practice and economically unwanted. Therefore the minimum number of transducers per ring, sufficient to suppress secondary foci in the xy-plane, is determined in step 2. Hereto, the focus ratio in the xy-plane as a function of number of transducers is determined. Note that in step 2 we use the optimum frequency as found previously in step 1.
The focus length L 50%,SAR in the z-direction is anticipated to be dominated by the distance between the two most distant rings d out mainly (demonstrated for EM antennas (Paulides et al 2007) and verified for US transducers in this work). Therefore, in step 3, L 50%,SAR is studied by increasing d out . The optimum frequency and the optimum number of transducers per ring, as obtained in steps one and two, are used.
In step 4 the number of rings is increased, with the aim to study the suppression of secondary foci in the xz-plane. Phase shifts between the rings are applied to prevent defocusing, which may cause an unwanted increase of the focus length.
The possibilities of steering the focus within the breast is investigated by monitoring the focus size and position while altering the RF signal phases according to the target centre position (TCP) method. The focus is steered in the x-and z-directions only, since steering in the y-direction is equal to steering in the x-direction, due to symmetry.
In the previous steps the influence of the transducer setup and frequency were investigated for obtaining the smallest possible W 50%,SAR , while neglecting the influence of these parameters on the L 50%,SAR . Therefore, we used the W 50%,SAR optimized setup and re-investigated the influence of the operating frequency on the L 50%,SAR .
SAR and temperature distributions for centrally and deeply located breast tumours
For the final phased array we characterized the SAR and temperature distributions that are feasible in two scenario's of the MRI-based model: a real tumour located centrally in the breast, referred to as the 'central tumour' and a deeply located artificial tumour sphere, referred to as the 'thorax tumour'.
Numerical acoustic model including heterogeneous scattering and absorption. The pressure waves in tissues are primarily longitudinal, with shear waves being generated only at soft tissue to bone interfaces. The transducers generate harmonic pressure waves that are partly scattered and absorbed within the heterogeneous breast. Therefore a numerical acoustic (non-elastic) model is used to predict the pressure wave propagation and to compute the SAR.
Pressure wave propagation. The propagation is formulated in the temporal Laplace domain with Laplace parameterŝ. Frequency domain results are obtained by taking the limit s → −jω, with j 2 = −1 and ω is the temporal angular frequency. The symbol 'ˆ' on the top of a parameter is used to show its frequency dependency. The incident pressure fieldp inc is the field that would be present if the object ('obj') shows no acoustical contrast with respect to the background ('bg'). The total pressure fieldp tot at position r in the threedimensional domain D can be written as a superposition of the incident and the scattered pressure fieldp scat , according to (De Hoop 1995) 
Small variations in pressure and wave velocity c = 1/ √ κρ are considered, neglecting nonlinear higher order terms and assuming that the volume density of mass ρ and compressibility κ depends on the static pressure p 0 only. Thereforep tot can be expressed as a scalar integral equation (De Hoop 1995) , which can be solved using a conjugate gradient (CG) inversion scheme (Van Dongen et al 2005, Van Dongen and . The integral equation is defined aŝ
wherek bg andk obj are the complex wavenumbers of the background medium in D and the object medium at location r in the sub-domain D s that contains the scatterer. The Green's functionĜ equalŝ
which is singular for r = r and therefore the weak form (Zwamborn and van den Berg 1992) is used in the actual computation scheme. The incident pressure fieldp inc generated by the transducers is given by (De Hoop 1995)
whereq is the volume density of injection rate in the source domain D src .
Specific absorption rate. The total pressure fields, as computed in the preceding procedure, can be used to compute the local mass specific absorption rate (SAR). The local absorption of energy is accounted for in (2) via the complex wavenumberk, which is defined aŝ
wherek 0 = ω/c is the normal wavenumber. The amplitude attenuation coefficientα for tissues appears to increase with frequency according to Gautherie (1990) 
where α 0 is the absorption coefficient at f = 1 MHz and n is found experimentally. The acoustic heat production volume density rateQ can be expressed aŝ
whereÎ is the energy flow, −∇ ·Î denotes the rate at which acoustic energy is transported to an element of the medium per unit volume andv tot * is the complex conjugate of the total particle velocity. For any continuous steady-state single-frequency field the particle velocity can be eliminated (Nyborg 1981) resulting in
Input power normalization. The total input power of the phased array is normalized to 1 W by altering the volume density of injection rateq i of each transducer according tô
where W i is the radiated power for transducer i, which can be found by integrating the far-field (k 0,bg |r − r | 1) monopole intensity (Bies and Hansen 2003) over the surface of a sphere centred at the sourceq i , resulting in
Focusing with the TCP method. Focusing is obtained by altering the phases of the RF signals to correct for the various path lengths from each transducer towards the target centre position (TCP) where maximum interference is required. Assuming an homogeneous wave velocity, i.e. c(r) = c bg ,q i is modified intô
where the phase ϕ i of transducer i is given by
and |r i − r tcp | is the distance between transducer i and the required target location.
Numerical thermal model including heterogeneous conductivity and blood perfusion.
Temperature patterns are computed by using a thermal model that describes the heat transfer in tissues. The model is based on Pennes bio heat equation (PBHE) (Pennes 1948) and is formulated as
where ρ t is the volume density of mass, c t is the specific heat, k t is the thermal conductivity and T t is the temperature of tissue 't'; c b , ρ b and T b are the specific heat, volume density of mass and temperature (37 • C) of the blood 'b'; ω b is the blood perfusion rate and Q m is the metabolic heat generation rate (neglected in this work). For simplicity the spatial dependency (r) and time of observation (t) are left out (13).
Blood perfusion provides an ambiguous effect on the temperature elevation in tissues, i.e. it removes heat from the target area and spreads the heat towards the surrounding tissues. This effect can be described by discrete vessel modelling (Kotte et al 1999) , however when information about the vascular anatomy is not available, it is recommended (ESHO Taskgroup Committee 1992) to combine the PBHE with an effective conductivity model. The effective conductivity model used in this work is defined as (Weinbaum and Jiji 1985) 
where C is a constant (0.01) obtained experimentally (Crezee and Lagendijk 1990) . The breast is embedded in water which is kept constant at 30
• C and maximum heat transfer is assumed, so a Dirichlet boundary condition (T = T boundary ) is applied at the interface. D is thermally insulated, i.e. no heat passes this interface. The SAR is scaled such that the maximum steady state temperature is 44
• C. The PBHE, the effective conductivity model and the thermal boundary conditions are discretized and solved with a finite difference time domain (FDTD) technique (Neufeld et al 2007) , which is implemented in SEMCAD X (Schmid & Partner Engineering AG, Switzerland).
Evaluation of the data
Several definitions are used to evaluate the SAR and temperature distributions. Lee et al (1998) found for superficial HT that 25% iso-SAR max coverage is a good predictor for clinical outcome, however in this study we take the more conservative 50% to account for model and position errors. The focus (ellipsoid) dimensions are quantified by the major diameters, i.e. the focus width W 50%,SAR in the transversal (xy)-plane and the focus length L 50%,SAR in the axial (xz)-plane. For temperature distributions, the diameters W 50%, T and L 50%, T of the 50% iso-T max contours are used, where T max is the maximum temperature increase.
Typically, multiple foci are present in interference patterns. The focus ratio (FR) is defined as the ratio between the intensity of the 'primary focus' I 1 and any other maximum, e.g. 'secondary focus' I 2 . In the phased-array design study we analysed the focus dimensions in planes through the centre of the cylindrical array. Consequently we used a FR xy and FR xz for identifying the focus properties in the xy-and xz-planes, respectively.
The rise time t r,90% is used to indicate the time needed to increase the initial temperature (37
• C) to 90% of the steady state temperature (44 • C) in the centre of the tumour. Results of the ultrasound phased-array design study. In the first and second design steps, the focus width W 50%,SAR is minimized and the focus ratio FR xy in the xy-plane is maximized. In the third and fourth steps, the focus length L 50%,SAR is minimized and the focus ratio FR xz in the xz-plane is maximized. The solid lines with plus markers are based on specific absorption rate (SAR) patterns and the dashed lines with circles are based on squared incident pressure fields (|p inc | 2 ).
Results
First, the results of the phased-array design study are reported. Next the final design (figure 5) is used to characterize the SAR and temperature distributions that can be obtained for two scenario's: a tumour located centrally in the breast and a deeply located tumour.
Ultrasound phased-array design
The design parameters frequency, number of transducers per ring, ring distance and number of rings are investigated successively.
Figure 4(a) shows that the required lower limit of the focus width, i.e. 5 mm, is found for a frequency of 100 kHz. Although not shown here, it was observed that the maximum SAR of the primary focus increases for increasing frequencies in the range of 0-90 kHz, due to the increased absorption. For the range 90-100 kHz the decreasing penetration depth limits the further increase of the SAR. The minimum number of transducers per ring is determined by studying FR xy , while increasing the number of transducers per ring. For this study, the optimum from the previous step, i.e. one ring with transducers operating at 100 kHz is used. Figure 4 (b) shows that FR xy is increased up to six (SAR) or seven (|p inc | 2 ) for 32 transducers per ring, however adding more transducers in one ring does not further increase FR xy .
The optimum distance between two most distant rings d out is determined by increasing d out , while observing the L 50%,SAR . For this study, the previously found optimum of 32 transducers per ring is used and the frequency is again 100 kHz. Figure 4(c) shows that the phased-array dimensions and the patient geometry limits d out to 66 mm and L 50%,SAR to 10 mm. Note that for d out 15 mm, the L 50%,SAR is limited by the finite breast size to 39 mm. Further, for d out 38 mm multiple foci are present, but this is not of importance since these can be removed effectively by using multiple rings, as discussed in the next design parameter.
Secondary foci in the z-direction are suppressed by increasing the number of rings. The previously found results are used, i.e. d out = 66 mm, f = 100 kHz and the number of transducers per ring is 32. Figure 4(d) shows that FR xz increases to seven for both SAR and |p inc | 2 distributions. Increasing the number of rings further than six does not increase the FR xz . The final phased-array design result is visualized in figure 5 .
Although not shown here, the focus can be steered within the entire breast by altering the transducer phases according to the TCP method and the location of the maximum SAR corresponds with the TCP location, within an accuracy of 1 mm. Upon steering away from the phased-array centre position, the W 50%,SAR increases by maximum 33% and L 50%,SAR decreases by maximum 25%. For similar steering, see figure 6 .
In previous steps we neglected the influence of the frequency on the L 50%,SAR . Therefore, we used the W 50%,SAR optimized setup and observed that also the L 50%,SAR is minimized for increasing frequencies, e.g. 30 mm for f = 50 kHz down to 15 mm for f = 100 kHz.
SAR and temperature distributions for centrally and deeply located breast tumours
For the final phased-array configuration, see figure 5, SAR and temperature distributions are obtained for both the MRI-based 'central tumour' and the artificial 'thorax tumour'. Figures 6(a) and (b) show that, for both tumour locations, the maximum SAR is found in the tumour centre, however the tumours are not covered homogeneously. Small secondary foci (≈15% of SAR max ) are observed outside and at the edge of the 'central tumour', while for the 'thorax tumour' these secondary foci are present both inside and outside the tumour. An additional focus (≈6% of SAR max ) is observed in the chest wall for both tumours. Although not shown here, all SAR foci are located at equal positions as in the |p inc | 2 interference patterns, indicating a minimum influence of the heterogeneous acoustic tissue properties. Figures 6(c) and (d) demonstrate that, for both tumour locations, maximum 44
• C is obtained in the tumour centre without any hotspots, however the tumours are not heated homogeneously. The temperature maximum is located at the same position as the SAR maximum and no additional hotspots are observed elsewhere in the breast, indicating a minimum influence of the heterogeneous thermal tissue properties. Table 2 shows that W 50%, T is approximately three times larger than W 50%,SAR , while L 50%, T increases with a factor of 1.5 only. Against initial expectations, more SAR is needed for the 'central tumour', which is explained by the increased cooling by the water medium for superficial locations.
To demonstrate that larger volumes can be heated as well, we calculated the temperature distributions for dynamic scanning of six foci that are located ±10 mm around the tumour centre point in the x-, y-and z-directions. To decrease the cooling effect near the tumour, we Table 2 . Focus properties in the MRI-based breast model for two scenarios: 'central tumour' and 'thorax tumour'. The focus dimensions are quantified by the diameters of the 50% iso-SAR max contour, i.e. the focus width W 50%,SAR and the focus length L 50%,SAR . For temperature distributions, the diameters W 50%, T and L 50%, T of the 50% iso-T max contours are used. algorithm around 500 kHz to match the focal spot to a superficially located tumour in an artificial 2D breast model. Lu et al (1996) optimized power distributions by combinations of two operating frequencies (2-4.5 MHz) for a cylinder with multiple non-coherent transducers, mounted on a translating and rotating platform. Ho et al (2007) simulated that multi-focus scanning by a mechanically moved cylinder with coherent transducers (1 MHz) can be used to cover the target volume in an artificial and homogeneous breast. Ju et al (2006) showed by simulations that a homogeneous breast phantom can be heated superficially and centrally by a mechanically scanned cylindrical applicator with non-coherent transducers (1.08 or 3.42 MHz). These studies have shown that superficially and centrally located breast tumours can be heated effectively, however heating deeply located tumours was not demonstrated.
For a closely resembled treatment modality, i.e. thermal ablation systems (>1 MHz), the minimum SAR focus diameter is in the order of 1 mm and therefore defocusing, wave form diversity or mechanical/electrical scanning techniques are required to increase the effective treatment volume. Although these frequencies can be used for thermal ablation to create steep temperature gradients, for HT we anticipated to heat larger volumes (diameter >5 mm) and reduce the need for scanning. Consequently we found a lower frequency (100 kHz).
Using low frequencies provides additional advantages, such as the increased penetration depth and the decreased scattering by small-sized heterogeneities in the breast anatomy (λ ≈ 15 mm at f = 100 kHz). Acoustic scattering is observed mostly at the water-to-skin boundary and the remaining scattering within the breast is low due to the low contrast (<6%) in acoustic properties and relatively small-sized heterogeneities. Another practical advantage is that the reduced frequency by a factor ten reduces the required computational resources by a factor 1000, consequently adequate treatment planning might come within reach.
Heterogeneous breast models and numerical computation methods are used to investigate the effect of heterogeneities on the SAR and temperature patterns. Although not demonstrated in this work, for the high frequencies of current applicators, it is recommended to use full-wave numerical models since the absorption coefficient and scattering by small-sized heterogeneities are increased. However for low frequencies (100 kHz) it is demonstrated that the acoustic waves are minimally absorbed and scattered. Furthermore the TCP method, which assumes a homogeneous wave velocity profile, predicted the SAR max location within an accuracy of 1 mm. Hence, for this study, it would have been sufficient to use homogeneous breast models and to use the Born approximation, which simplifies the total pressure integral equation and consequently also the total computation time.
This work indicates that in theory, the enormous computational resources can be reduced for US applicators that operate at low frequencies. Hence, adequate patient-specific treatment planning might be used to predict the SAR and temperature patterns in both the tumour and to prevent hot spots in critical tissues. Figure 6 shows that the dimensions of the volumes enclosed by the 41 • C iso-temperature are 19 × 19 × 21 mm 3 . Therefore, either electrical or mechanical steering techniques are still required to heat larger volumes. In this work we used the electrical TCP method to create the smallest possible focus, however defocusing, waveform diversity (Guo and Li 2008) or dynamic steering techniques might be used to enlarge the treatment volumes. Further, additional theoretical research is recommended before constructing a clinical applicator. Finally, experimental validation of the used numerical models is of most importance. Several items should be considered in the translation to a real clinical prototype. First, the effect of finite-sized transducers mounted on a cylindrical backplane in a finite water tank, on the radiation, SAR and temperature patterns should be investigated. Next, the accuracy of the acoustic model should be determined, e.g. the effect of nonlinear propagation should be characterized. Finally, a sensitivity analysis of patient specific acoustic and thermal properties and positioning errors might indicate the accuracy that can be expected for the 3D temperature distribution during HT treatments in real patients.
Conclusions
Simulations predict that a US cylindrical phased array, consisting of six rings with 32 transducers per ring, a radius of 75 mm and 66 mm distance between the first and sixth transducer ring, operating at a frequency of 100 kHz, can be used to obtain 44
• C in the centre of either centrally or deeply located breast tumours. The dimensions of the 50% iso-SAR max volume are 6 × 6 × 14 mm 3 . The dimensions of the volumes enclosed by the 41 • C isotemperature are 19 × 19 × 21 mm 3 and 21 × 21 × 32 mm 3 for central and deep locations, respectively. Consequently, with this applicator it will become feasible to effectively heat tumours located anywhere in the intact breast. In addition, it is demonstrated that acoustic and thermal heterogeneities do not disturb the SAR and temperature patterns within the breast.
